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ABSTRACT
Fatigue fractures of the femoral component of cementless hip prostheses are rare
occurrences at present, but may become more widespread in the future as the demand
increases for porous coated cementless hip arthroplasty in young, active, and heavy patients.
Whereas the fatigue fracture of high strength forged alloys is unlikely, a risk of fatigue
fracture may exist for sintered porous coated stems since the fatigue strength of these
implants is relatively low. The low fatigue strength of porous coated stems is due to the
combined effects of the use of cast alloys, the exposure of the cast alloy to high temperatures
during the sintering process, and the presence of stress concentrations where the porous
coating beads contact the substrate surface. Furthermore, due to load sharing between the
bone and prosthesis, bone loss may increase the risk of stem fracture. Recent dual energy x-
ray absorptiometry measurements have demonstrated substantial and progressive bone loss
around cementless prostheses which lead to stem fatigue fracture.
The objective of this research was to develop clinical guidelines to identify
combinations of spatial patterns of bone loss, patient factors, and prosthesis design factors
that create a high risk of stem fatigue fracture in the long-term (10-15 years) for an AML-type
hip prosthesis. These clinical guidelines would help to minimize the future incidence of
fatigue fractures of sintered stems by guiding bone density evaluation for monitoring patients
who currently possess implants and prosthesis selection for future patients. To accomplish
this, a detailed series of finite element stress analyses of an AML cementless prosthesis were
performed. The material property distributions of the bone were varied to simulate various
hypothetical and clinical patterns of bone remodeling. The finite element results were then
generalized by using simpler composite beam theory analyses for a range of applied
diaphyseal bending moments, periosteal bone diameters, prosthesis diameters, and prosthesis
materials.
The finite element analyses of a well-fit 15 mm diameter AML prosthesis in an
average sized bone indicated that bone loss around the central third of the prosthesis
controlled the risk of fracture and that typical clinical patterns of bone loss increased the stem
stresses beyond the fatigue strength of the substrate. The composite beam theory analyses
predicted that the risk of fracture for small stem sizes was more sensitive to reductions in
bone modulus and bone size than large stem sizes. Although only small diameter cobalt-
chrome prostheses were predicted to be at risk for fatigue fracture based on analyses using
values of bone modulus which neglect implant-induced bone loss, titanium and larger
diameter cobalt-chrome prostheses are also at risk for fracture when there is a reduction in
bone modulus around the central third of the prosthesis in the long-term. Taken together, it
is important to consider the effects of long-term bone loss in addition to stem diameter,
patient body weight, and patient activity levels when evaluating the risk of fracture for
sintered prosthesis stems.
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Chapter 1
Introduction
1.1 Total Hip Arthroplasty
For patients who suffer from conditions such as osteoarthritis, rheumatoid arthritis,
avascular necrosis, and femoral neck fractures, total hip arthroplasty reduces pain and
restores function to the hip joint. About 196,000 total hip replacements are performed
annually (Graves, 1987) with an annual direct cost of the procedure, including pre-
operative care, surgery, and a six month follow up, which exceeds $4.6 billion dollars
(Cushner and Friedman, 1988).
In total hip arthroplasty, the ball-and-socket joint is replaced by two prosthetic
components, a metal femoral stem which is inserted into the medullary canal and a
polyethylene acetabular cup (Figure 1.1). Fixation of the femoral component, which is
commonly made from cobalt-chrome or titanium alloys, is achieved using either bone
cement or biological fixation.
Fixation via bone cement (polymethylmethacrylate) has shown satisfactory
performance in the short and medium term (less than 10 years) since the implementation of
contemporary cementing techniques. The use of an intramedullary plug, retrograde delivery
of cement, and modem prosthetic designs have reduced the incidence of loosening from
about 24% (Beckenbaugh and Ilstrup, 1978) to 1.7% (Harris and McGann, 1986) for a
mean follow-up time of 69 and 74 months, respectively. Fatigue fracture of the cement and
interface failure (stem-cement and/or cement-bone) have been associated with the loosening
of the prosthesis and the generation of particulate debris which may lead to localized bone
resorption, host reactions in the joint space, and third body wear. Other problems
associated with the use of bone cement include infection, thermal necrosis of the
surrounding tissue which may reduce implant stability, and obstruction of the bone
vasculature (Kraft, 1977; Saha and Pal, 1984). Thus, many of the problems with total hip
arthroplasty are associated with the use of bone cement.
Figure 1.1: Porous coated metallic femoral stem (Anatomic Medullary Locking
prosthesis) for cementless total hip replacement.
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In order to bypass the limitations of bone cement, a new concept of biological
fixation without bone cement emerged during the 1980's. In this cementless hip
arthroplasty, biological fixation is achieved by allowing bone ingrowth into a porous
coating which is applied to the surface of the prosthesis. A number of types of porous
coating are currently available, including sintered or plasma sprayed metallic beads, fiber
meshes, and hydroxyapatite coatings. Although it is unclear which type of porous coating
achieves the best clinical performance, it has been demonstrated that the pore size of the
porous coating must be approximately 200 microns to allow bone ingrowth (Pilliar et al.,
1986). Canine and clinical studies have demonstrated that bone ingrowth is promoted by
factors such as a good fit of the stem, low levels of micromotion, and good bone quality at
the time of surgery (Engh and Bobyn, 1985). Although the interface has minimal strength
initially, the biological bond should improve with time as bone grows into the porous
surface, unlike a cemented interface which deteriorates over time. Therefore cementless
fixation via bone ingrowth has the potential to provide better long term stability of the
prosthesis than fixation with bone cement.
Despite the potential advantages of biological fixation, one long-standing concern is
periprosthetic bone loss caused by the reduced loads on the bone around a cementless
implant relative to the loads on a normal femur. Typical radiological patterns of bone
remodeling around stable cementless prostheses with bone ingrowth include significant
proximal resorption and distal cortical hypertrophy at the porous coating junction (Heekin
et al., 1993; Martell et al., 1993; Engh et al., 1994). To achieve initial mechanical stability
and bone ingrowth, a large diameter prosthesis stem is required to fill the medullary canal
for cementless fixation. This produces a cementless prosthesis-bone structure which is
stiffer than the metal-cement-bone composite structure used in cemented total hip
arthroplasty. Composite beam theory predicts that the bone around the stiffer cementless
implant experiences lower stresses than the bone around a cemented implant, which may
lead to more severe bone resorption for cementless arthroplasty.
Experimental canine studies and clinical evaluations have demonstrated the
influence of several variables on the extent of bone resorption including stem material, stem
diameter, type and distribution of porous coating, the presence of bone ingrowth, age, sex,
and the presence of pre-existing osteopenia (Engh et al., 1987; Engh and Bobyn, 1988;
Bobyn et al., 1990; Engh et al., 1992b). For example in a canine study of bilateral total
hip replacement, the average cortical bone loss was about 30% less for a more flexible
hollow cylindrical titanium alloy prosthesis stem than for a solid cobalt-chromium stem
after six months (Bobyn et al., 1990). In a clinical evaluation in 213 patients five to
thirteen years after cementless total hip arthroplasty, the incidence of marked bone
resorption was 33%; patients with larger and/or extensively coated stems demonstrated a
significantly higher incidence of bone resorption (Engh and Bobyn, 1988).
Minimizing the amount of bone loss is important because excessive loss may lead to
implant loosening, implant subsidence, pain, inadequate bone stock for revision surgery,
femoral fracture, and implant fatigue fracture (Jacobs et al., 1993). Although the current
incidence of clinical complications related to adaptive bone remodeling is very low, the long
term (10-15 years) clinical impact of this bone loss is not yet known.
1.2 Fatigue Fractures of the Femoral Component
Fatigue fractures of the femoral component of cementless hip prostheses are rare
occurrences at present, but may become more widespread in the future as the demand
increases for porous coated cementless hip arthroplasty in young, active, and heavy
patients. Whereas the fatigue fracture of high strength forged alloys is unlikely, a risk of
fatigue fracture may exist for sintered porous coated stems since the fatigue strength of
these implants is relatively low. The decreased fatigue strength of porous coated stems
relative to cemented stems is due to the combined effects of the use of cast alloys, the
exposure of the cast alloy to high temperatures during the sintering process, and the
presence of stress concentrations where the porous coating beads contact the substrate
surface. For example, the fatigue strength measured using a rotating beam test was 377
MPa for non-coated, sintered titanium alloy (Ti-6%AI-4%V) and 138 MPa for a porous
coated, sintered alloy (Cook et al., 1984). Another study reported slightly higher values of
625 MPa (mill-annealed, no sintering, uncoated), 400 MPa (sintered, non-coated), and 200
MPa (sintered, porous coated) for titanium alloy (Yue et al., 1984). Titanium is sensitive
to notch effects and is also particularly sensitive to sintering heat treatments due to a phase
transition (Cook et al., 1984). Similarly for cobalt-chromium alloy, the sintering process
itself reduced the endurance limit from a value of 267 MPa for the cast alloy to a value of
177 MPa for the sintered, non-coated alloy (Georgette and Davidson, 1986). The fatigue
strength may be increased back to values near that of the cast alloy by post-sintering heat
treatments such as hot isostatic pressing. However, the fatigue strength of sintered
substrates is still inferior to that of high strength forged alloys used in cemented
arthroplasty, which is generally greater than 600 MPa (Lorenz et al., 1980; Gibbons, 1982;
Pilliar, 1984; Bobyn et al., 1990). Thus, the application of porous coating may create a
risk of fatigue fracture for sintered cementless femoral implant.
Bone loss should increase the risk of fracture of a well-fit sintered stem as load
sharing to the bone is diminished. There is now considerable evidence that periprosthetic
bone loss following cementless total hip arthroplasty can be substantial (Engh et al.,
1992a), and that this bone loss is progressive in nature. Based on collective evidence of
progressive bone loss (Steinberg et al., 1991; Kiratli et al., 1992; Engh et al., 1992b) and
other evidence that mechanical strains in the implanted bone remain well below those in the
contralateral side up to seven and a half years post-operatively (Engh et al., 1992a), it has
been hypothesized that implant-induced bone loss may continue well beyond five years
(Kiratli et al., 1991; Steinberg et al., 1991; Engh et al., 1992a; Kilgus et al., 1993). If this
hypothesis is true and the effect of bone loss on the risk of stem fracture is substantial for
certain sized porous coated cementless implants in certain patients, then elucidation of how
bone loss affects the risk of stem fracture may lead to clinical guidelines that would
minimize the future incidence of stem fatigue fractures. Such clinical guidelines would
identify combinations of spatial patterns of bone loss, patient factors, and prosthesis design
factors that create a high risk of stem fatigue fracture and would guide bone density
evaluation for monitoring patients who currently possess implants and prosthesis selection
for future patients.
Despite abundant information on the effects of prosthesis design on bone
remodeling patterns around cementless implants (Bobyn et al., 1990; Huiskes et al., 1992;
Wienans et al., 1992), relatively little is known about the effects of clinically observed bone
loss on the stresses in the prosthesis or on the general load transfer characteristics between
the bone and prosthesis. Recently, the risk of stem fatigue fracture was computed for a
well-fit AML (Anatomic Medullary Locking, DePuy, Warsaw, Indiana) prosthesis
implanted into a relatively healthy bone and was found to be maximum for active patients
with small diameter prosthesis stems in small diameter bones (Keaveny and Bartel, 1995).
Consistent with these analyses, fractures of two small (10.5 mm diameter) sintered AML
stems have occurred in a series of 393 AML prostheses (0.5% fracture rate) (Engh et al.,
1990; Engh et al., 1994). The current F.D.A. records (FDA, 1994) document fractures
porous coated AML prostheses in either the head, neck, or stem (no other details available).
A total of 24 fractures of porous coated Omnifit prostheses (Osteonics, Rutherford, NJ)
have been reported; 8 of these occurred after and average of 52 months in heavy patients
(>200 lbs) with no associated trauma, suggesting that fatigue was the mode of fracture.
Well-fit, relatively long stems such as the AML have been predicted to behave as composite
beams (Keaveny and Bartel, 1995). Due to the associated load sharing, composite beam
theory predicts that implant-induced bone loss will further increase the risk of fatigue
fracture of sintered, well fit cobalt-chrome hip stems, although the magnitude of this effect
is not known.
1.3 Objectives
The objective of this research was to develop clinical guidelines for the
identification of magnitudes and locations of bone loss which substantially increase the risk
of long-term (10-15 years) stem fatigue fracture of an AML-type hip prosthesis for a range
of patient sizes, prosthesis sizes, and prosthesis materials. To accomplish this, a detailed
series of finite element stress analyses of an AML cementless prosthesis were performed.
The material property distributions of the bone were varied to simulate various hypothetical
and clinical patterns of bone remodeling. The finite element results were then generalized
by using simpler composite beam theory analyses for a range of applied diaphyseal bending
moments, periosteal bone diameters, prosthesis diameters, and prosthesis materials. More
specifically, the following research questions were asked:
1) What specific regions of localized bone loss cause the largest increases in the risk of
fracture?
2) What is the risk of fracture for clinical patterns of non-uniform bone loss? and
3) How do these trends depend on applied diaphyseal bending moments, periosteal bone
diameters, prosthesis diameters, and prosthesis materials?
Chapter 2
Methods
The three-dimensional finite element model for the Anatomic Medullary Locking
(AML, DuPuy, Warsaw, Indiana) cementless prosthesis was created from a detailed series
of quantitative computer tomography scans of a cadaveric femur with accurate descriptions
of geometry and distribution of material properties for the bone, a typical surgical
positioning of the prosthesis within the bone, three-dimensional loads representing the toe-
off phase of gait, and non-linear interface conditions between the bone and prosthesis
(Keaveny and Bartel, 1993a; Keaveny and Bartel, 1993b).
2.1 Femoral Bone
The anatomical geometries and heterogeneous material properties for the femoral
bone were derived from quantitative computer tomography (QCT) scans of a cadaveric
femur. Although the age and sex of the donor of the femur was unknown, the femur
appeared visibly and radiographically normal. The dimensions of the femur fall into the
range of average values for normal healthy individuals (Noble et al., 1988), with a head
diameter of 47 mm, a head offset of 42 mm, and a neck-shaft angle of 1260 in the frontal
plane.
2.2 Prosthesis
The AML prosthesis (Figure 1.1) achieves distal fixation through a straight, circular
stem which fills the distal endosteal canal and achieves additional stability through a
proximal collar. The prosthesis is manufactured from cast cobalt-chrome alloy with a
porous coated surface of sintered metallic beads. It is available with porous coating along
either the full length or 80% of the length of the stem. The particular AML prosthesis
modeled in this study was a fully porous coated "Regular" cobalt-chrome stem (E=200
GPa, v = 0.3) which was 165 mm long and 15 mm in diameter.
2.3 Finite Element Model
The finite element model of the AML system consisted of a total of 1356 solid,
quadratic, isoparametric elements (20-noded bricks and 15-noded wedges) and 5934 nodes
(Figure 2.1). The prosthesis elements were assigned a Young's modulus for cobalt-
chrome alloy of 200 GPa. The bone was modeled as a linearly elastic, isotropic material of
varying modulus. To assign the moduli values, a detailed series of quantitative computer
tomography scans of the femoral bone were performed. First, a linear relationship between
the apparent density of the bone and the measured CT number was assumed (Hvid et al.,
1989; Lotz et al., 1990). Then, the modulus (E) of each bone element was assigned based
on the apparent density (p) (Carter and Hayes, 1977):
E = 2875 * p 3. (2.1)
The average modulus of cortical bone in the mid-diaphysis was 17.1 GPa. Gaps at the
bone-prosthesis interface were assigned a modulus of 0.1 MPa to bias load transfer
towards stiffer bone around the gaps.
The applied forces were representative of the toe-off phase of healthy gait,
containing both a femoral head force and a lumped abductor muscle force located on the
greater trochanter (Table 2.1). The resultant head force was 4.5 times body weight (750
N=1 Body Weight) and the resultant abductor force was 3.5 times body weight (Paul,
1967). The magnitude of the femoral head load used in the finite element model is
comparable to values of 4.8 and 4.1 times body weight determined more recently for two
patients during gait using telemetric hip prostheses (Bergman et al., 1993).
Based on the geometry of the femoral bone used our finite element model, the
femoral head load and lumped abductor load produced a bending moment of approximately
150 N-m at the mid-stem region 1. Other studies which have included additional muscle
groups such as the adductors, quadriceps, and external rotator muscles have demonstrated
similar magnitudes for the mid-diaphyseal bending moments ranging from 70 to 150 N-m
during gait, and bending moments ranging from 40 to 250 N-m during extreme ranges of
motion (flexion, extension, adduction, external rotation) of the hip (Cheal et al., 1992).
Thus, the bending moments generated by the simplified muscle configuration used in the
AML finite element model were comparable to that generated by more complex muscle
configurations during gait.
1 The locations of the head force and abductor force in the global coordinate system were (26.5. 91.6,
311.0) and (95.9,91.1, 301.0), respectively (dimensions in mm). The location of the geometric centroid of
the cross-section at the mid-stem region was (71.5, 81.7, 200.4). The axial components of the head and
abductor forces produced a bending moment of 180 N-m in the mid-diaphysis in the negative y-direction (as
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Figure 2.1: Finite element model of the AML prosthesis with a femoral head force and a
lumped abductor force of 4.5 and 3.5 times body weight, respectively. To investigate the
effect of regional bone loss, the bone elements around the length of the stem were divided
approximately into proximal, central, and distal thirds. The positive x,y, and z-directions
are directed laterally, posteriorly, and superiorly, respectively.
defined in Figure 2.1). The mediolateral components of the head and abductor loads contributed a net
bending moment of 30 N-m in the positive y-direction.
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Table 2.1: Head and abductor forces applied to AML finite element model for the toe-off
phase of healthy gait. The positive x, y, and z directions are directed laterally, posteriorly,
and proximally, respectively, and were defined with respect to the anatomical axes of the
femoral bone.
Force in Bone
Component Coordinate System (N)
Head Force x 1492
y 915
z -2925
Abductor Force x -1342
y -832
z 2055
2.4 Periprosthetic Bone Loss
The overall strategy was to model the biomechanical effects of the end stages of
hypothetical and clinically-observed patterns of bone remodeling rather than predict the
development of these patterns as done by others (Huiskes et al., 1987; Beaupre et al.,
1990; Orr et al., 1990; Wienans et al., 1992). Therefore, the modulus of the bone in our
finite element model was reduced based on reported reductions in bone mineral content as
measured clinically by dual-energy x-ray absorptiometry. In order to provide a basis to
better understand the effects of clinical patterns of non-uniform bone loss, two hypothetical
situations were studied first: regional bone loss and uniform bone loss where bone moduli
were reduced only in selected regions of the models or uniformly throughout the model,
respectively (Table 2.2). For regional bone loss, the finite element model was divided
approximately into proximal, central, and distal thirds along the length of the stem. A total
of nine cases were then analyzed where the moduli of bone elements in each region were
decreased independently by either 0, 25, or 50% of the original quantitative computer
tomography-derived bone moduli. For uniform bone loss, three cases were analyzed
where the moduli of all bone elements were uniformly decreased by either 0, 25, or 50%.
In this way, a total of twelve analyses were performed to determine the effects of various
hypothetical patterns of bone loss on the risk of long-term stem fatigue fracture.
To determine the risk of stem fracture for clinical patterns of non-uniform bone
loss, the bone moduli were decreased based on dual energy x-ray absorptiometry
measurements of average changes in bone mineral content around porous coated cementless
implants (Engh et al., 1992a). These studies have shown that periprosthetic bone loss is
most severe around the proximal region of the stem, and decreases in severity distally until
the stem tip region, where slight cortical hypertrophy was occasionally noted (Engh et al.,
1990; Heekin et al., 1993; Martell et al., 1993; Engh et al., 1994). More specifically, dual
energy x-ray absorptiometry data was used from a series of five patients implanted with the
AML prosthesis for an average of 65 months (Table 2.3). The average decrease in bone
mineral content was 45, 27, and 3% in the bone around the proximal, central, and distal
regions of the prosthesis compared to the contralateral femur. Since the inner and outer
bone diameters for the implanted side differed by less than one millimeter from that of the
contralateral femur, the reported changes in bone mineral content reflect a change in the
material properties of the bone, rather than a change in the geometry of the bone. Although
these measured decreases in bone mineral content correspond to decreases in modulus, the
exact dependence of modulus on apparent density is somewhat controversial and is not the
same for cortical and trabecular bone. For instance, both linear (Snyder and Schneider,
1991) and power law relationships with exponents ranging from 2.4 to 7.4 (Schaffler and
Burr, 1988; Snyder and Schneider, 1991) have been reported for cortical bone, while
power law relationships with exponents ranging from 1.4 to 3.0 have been reported for
trabecular bone from the proximal femur (Carter and Hayes, 1977; Rice et al., 1988; Lotz
et al., 1990). Due to these uncertainties in the relationship between modulus and bone
mineral content, separate analyses were performed assuming either linear, quadratic, and
cubic relationships (Table 2.4). Thus, these three relationships were used to study trends
in the load transfer for non-uniform patterns of bone loss around cementless prostheses.
Table 2.2: Finite element analyses of regional and uniform reductions in bone modulus.
The reduction in the bone modulus for each element was with respect to the original
quantitative computer tomography-derived modulus.
Parameter Study Reduction in Bone Modulus (%)
Regional reduction
1. Proximal region only 0, 25, 50
2. Central region only 0, 25, 50
3. Distal region only 0, 25, 50
Uniform reduction 0, 25, 50
Table 2.3: Average difference in bone mineral content between femurs with implant-
induced bone loss and the contralateral contral at each level from anteroposterior and lateral
DXA scans (Engh et al., 1992a). A negative value for the percent change in bone mineral
content indicated a lower value for the femur with the implant. Levels 1, 2, and 3
correspond to bone located around the proximal, central, and distal thirds of the prosthesis,
respectively.
Time in Stem Difference in Bone Mineral Content
Situ Diameter (%)
Case (Months) (mm) Level 1 Level 2 Level 3
1 17 12.0 -36 -17 2
2 84 13.5 -26 -6 4
3 77 13.5 -30 0 10
4 72 15.0 -77 -54 2
5 76 13.5 -57 -62 -33
Avg. 65.2 13.5 -45 -28 -3
Table 2.4: Finite element analyses of clinical patterns of bone loss based on dual energy
x-ray absorptiometry measurements. The reduction in the bone modulus for each element
was with respect to the original quantitative computer tomography-derived modulus.
Regional Reduction of Bone
Modulus (%)
BMC-Modulus Relationship * Proximal Central Distal
Linear 50 25 0
Quadratic 75 50 0
Cubic 87.5 75 0
* "BMC-Modulus Relationship" refers to the relationship between changes in bone mineral
content (BMC) measured by dual energy x-ray absorptiometry (DXA) (Engh et al., 1992a)
and reductions in bone modulus imposed on the finite element model. Since the 3%
reduction in bone mineral content in the distal region was negligible in comparison with the
changes in the proximal and central region, the modulus of the distal bone was not reduced.
The relationships used for the linear, quadratic, and cubic dependence were: E = a (BMC),
E = b (BMC) 2, and E = c (BMC) 3, respectively, where E is the modulus (GPa), BMC is
the bone mineral content (g). For calculating percentage changes in modulus due to
changes in bone mineral content, the specific value of the constants a, b, and c do not need
to be specified.
2.5 Risk of Fatigue Fracture
For each finite element analysis, the risk of fatigue fracture of the prosthesis stem,
defined as the value of the maximum principal stress in the stem divided by the assumed
fatigue strength of the substrate, was calculated. Based on a range of reported values for
the fatigue strength of sintered cobalt-chrome with or without porous coating (Table 2.5),
an upper bound for the fatigue strength of 300 MPa for the sintered substrate material was
assumed. To help explain the underlying mechanisms for the computed changes in
prosthesis stresses after bone loss, the resultant forces and moments acting on transverse
cross-sections of bone were computed (Figure 2.2) (Keaveny and Bartel, 1993b). The
resultant forces at each cross-section quantify the amount of joint contact force which is
transferred from the prosthesis to the bone, while the resultant moments quantify the
amount of bending and torsion developed in the bone. As a consequence of load sharing
between the bone and prosthesis, a reduction in forces and moments acting on the bone
increases loading of the prosthesis and increases stem stresses.
Table 2.5: Reported values for the fatigue strength of cobalt-chrome and titanium alloys
measured in rotating beam tests. The fatigue strength of sintered substrates, even with
post-sintering heat treatments, is still inferior to that of high strength forged alloys used in
cemented arthroplasty, which is generally greater than 600 MPa.
Alloy Reference Material Description Endurance
Limit(MPa)
CoCr (Georgette 1. As cast 267
and 2. Uncoated, sintered, heat treated 177
Davidson, 3. Sintered porous coated*, heat treated 193
1986) 4. Sintered porous coated*, HIPed, heat 234
treated
(Pilliar, 1. Solution annealed 250
1983) 2. Sinter annealed 175
3. Controlled cool 210
Ti-6A1-4V (Cook et al., 1. Uncoated, as received 617
1988) 2. Sinter heat treated 377
3. Sintered porous coated 138
(Yue et al., 1. Uncoated, as received 625
1984) 2. Sinter annealed 400
3. Sintered porous coated 200
* Three layers of porous coating were sintered to the substrate surface
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Figure 2.2: Method for calculating the internal forces and moments acting on the bone.
The model was divided into serial transverse cross-sections and the eight nodal internal
reaction forces F1-8 acting on the proximal face of each element (obtained from the product
of the element stiffness matrix [k] and the nodal displacement vector 5) were summed for
the entire cross-section on bone elements. The algebraic sum of these nodal forces is the
resultant force F acting on that cross-section. Thus, the procedure is equivalent to taking a
free body diagram of only the bone at each cross-section. Note that for those sections of
the bone distal to the implant, these internal forces are equal and opposite to the resultant of
the applied head and abductor forces. Resultant moments M were calculated from the nodal
forces with respect to the geometric centroid of each bone cross-section. (Figure from
(Keaveny and Bartel, 1993b) )
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2.6 Composite Beam Theory Predictions of Fracture Risk of the
Stem
Composite beam theory was used to evaluate the long-term fracture risk of the stem
for patients who currently have implants and also to guide prosthesis selection for future
patients. This analysis technique was first validated (Appendix B) by comparing our finite
element results for uniform bone loss to those obtained from composite beam theory. To
extend previous composite beam theory analyses of this model (Keaveny and Bartel,
1995), the risk of long-term stem fatigue fracture was calculated for a range of prosthesis
diameters (10.5 to 15.0 mm), bone diameters (20-32 mm), and two prosthesis materials,
cobalt-chrome (E=200 GPa) and titanium (E=110 GPa). To separate the dependence of
fracture risk on diaphyseal bending moments and substrate fatigue strength, the fracture
index (y in mm-3) was calculated using the following equation:(= D3  1 (2.2)
n D3 1+I(#A-1)
where D is the stem diameter (mm), 0 is the ratio of the modulus of the bone to the
modulus of the prosthesis (Eb /Ep), y is the ratio of the stem diameter to the periosteal bone
diameter (D/Db) at the level of the mid-stem region (Appendix B). The fracture index was
calculated for a 0, 15, and 30% decrease in bone modulus from a value of 17 GPa to 14.5
and 12 GPa, respectively. Thus the effect of bone loss on the fracture index will identify
combinations of these parameters which are most sensitive to bone loss.
By accounting for different diaphyseal bending moments (M in N-m) and fatigue
strengths of the substrate (of in GPa), the risk of fracture ()) may be calculated from the
fracture index (y in mm-3) with the following equation:
=MW/aof (2.3)
The long-term risk of stem fatigue fracture can be calculated for patients who currently have
sintered cementless prostheses from equations 2.2 and 2.3 using the following procedure:
1. Determine stem diameter and periosteal bone diameter at the mid-stem level from patient
radiographs.
2. Estimate the modulus of bone after long-term bone loss.
a. Estimate the pre-operative modulus of bone. Typical values of reported moduli for
human cortical bone range from 14 to 21 GPa (Reilly et al., 1974; Snyder and
Schneider, 1991). The average modulus of human femoral cortical bone from ten
donors with a mean age of 72 years was 15 GPa (Courtney, 1994). Thus,
appropriate values may be about 17 GPa for healthy cortical bone and may be as
low as 14 GPa for cortical bone with age-related reductions in modulus.
b. Measure or estimate the reduction in bone mineral content around the central third of
the stem . Reductions in bone mineral content (with respect to the immediate post-
operative situation or the contralateral unimplanted femur) may be measured using
dual energy x-ray absorptiometry. In the absence of dual energy x-ray
absorptiometry measurements, the average reduction in bone mineral content of
30% measured in a clinical study (Engh et al., 1992a) may be assumed for a patient
with typical patterns of implant induced bone loss.
c. Based on a reported linear relationship between modulus and apparent density of
human cortical bone (Snyder and Schneider, 1991)2, assume a linear relationship
between changes in modulus and changes in bone mineral content 3.
3. Calculate the fracture index using equation 2.2.
4. Estimate the applied bending moment. By assuming that the bending moment is
proportional to the patient body weight, the bending moment for various patient body
weights may be determined. Based on our finite element model in which a body weight
of 750 N produced a diaphyseal bending moment of 150 N-m, the ratio of moment to
body-weight is approximately 0.2 for healthy gait. Thus, the applied bending moment
(in N-m) may be approximated by multiplying the patient body weight (in N) by 0.2
meters.
5. Estimate the fatigue strength of the substrate. For sintered porous coated stems, an
upper bound estimate is 300 MPa4 (Table 2.5).
6. Calculate the risk of fatigue fracture using equation 2.3.
2 Regression analysis demonstrated a significant relationship between the modulus of human tibial cortical
bone samples and apparent density, with a correlation coefficient of 0.74 and 0.75 for linear and power law
fits (exponent 2.39). Although the coefficient for the power fit was somewhat higher, the improvement was
not significant.
3 Assumption of a linear relationship produced a lower estimate of the risk of stem fatigue fracture.
4 Assumption of an upper bound for the fatigue strength also produced a lower estimate of the risk of stem
fracture.
The risk of fracture was calculated for three stems (10.5 mm cobalt-chrome stem, a
15.0 mm cobalt-chrome stem, and a 10.5 mm titanium stem) for a decrease in bone
modulus around the prosthesis stem by 0, 15, 30, and 45% in three bone sizes (24, 27,
and 30 mm periosteal diameter 5). These three stem sizes and materials were chosen
because previous composite beam analyses (Keaveny and Bartel, 1995) have predicted the
greatest risk of fracture for small (10.5 mm) cobalt-chrome stems. With bone loss, larger
(greater than 13 mm) cobalt-chrome and small titanium stems may also be at risk of fatigue
fracture. For these composite beam analyses, an applied bending moment of 150 N-m and
a fatigue strength of 300 MPa were assumed.
Finally, to guide prosthesis selection in future patients assuming typical bone loss
(30% reduction in bone modulus), combinations of periosteal bone and stem diameters at
which fatigue fracture is predicted to occur were calculated for two prosthesis materials
(cobalt chrome and titanium) and for two bending moments (100 and 150 N-m) (Appendix
B). While a bending moment of 150 N-m may be appropriate for an active patient with a
body weight of 750 N during gait, a bending moment of 100 N-m may be appropriate for a
less active or lighter patient.
5 The average periosteal diameter at the isthmus for 200 femora with an average age of 70 years was 27.0
mm (± 3.1 mm) (Noble et al., 1988), so that a periosteal diameter of 24, 27, and 30 mm represents a
small, average, and large bone, respectively.
Chapter 3
Results
3.1 Finite Element Analysis
For regional reductions in bone modulus, the maximum principal stresses in the
prosthesis were most sensitive to reductions in bone modulus when the reduction occurred
around the central region of the prosthesis; reductions in bone modulus in the proximal and
distal regions had little effect (< 6%) on the risk of stem fatigue fracture (Figure 3.1).
Analysis of the load transfer characteristics revealed that reductions in bone modulus around
only the central region of the stem produced reductions in the resultant forces and moments
on the bone that were nearly identical to those when there was a uniform reduction in the
modulus about all the stem (Figure 3.2). By contrast, reductions in the modulus of the bone
in the proximal or distal regions of the finite element model had only a localized effect on the
resultant forces and moments elsewhere on the bone.
The maximum principal stresses were located at the lateral aspect of the mid-stem
region of the prosthesis6 (Figure 3.3). For either a uniform or regional reduction in bone
modulus by 30% around the central third of the prosthesis, the stem stresses were higher
than the assumed fatigue strength (300 MPa) of the sintered cobalt-chrome AML prosthesis
(Figure 3.1). The increase in stress was primarily a consequence of the decrease in the
resultant frontal bending moment acting on the bone (Figure 3.4). For instance, the frontal
bending moment acting on the bone at the level of the mid-stem decreased by 15% for a
uniform decrease in bone modulus of 25%. The torsional moments and axial forces
(Figure 3.6)acting on the bone (Figure 3.5) were also sensitive to reductions in bone
modulus, exhibiting 18% and 15% respective decreases for a 25% decrease in bone
modulus. Mediolateral forces, anteroposterior forces, and sagittal moments were relatively
insensitive to uniform reductions in bone modulus (Figures 3.7, 3.8, 3.9).
6 The maximum principal stresses in the stem were located at the same site for all linear and non-linear
analyses of regional, uniform, and clinical patterns of bone loss.
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Figure 3.1: Finite element predictions of the risk of fatigue fracture for hypothetical
regional and uniform reductions in bone modulus. The risk of fracture was most sensitive
to reductions in modulus around the central third of the prosthesis stem. Fatigue fracture
was predicted for values of risk greater than one. Thus, a 30% decrease in modulus either
around the central third of the stem or uniformly created a risk of fatigue fracture.
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Figure 3.2: Resultant frontal moments on the bone for a hypothetical 50% reduction in
the bone modulus around a specific region (Proximal, Central, Distal), or around the entire
prosthesis (Uniform). Reductions in bone modulus around the central third of the stem
(Central) produced reductions in the frontal moment that were nearly identical to that when
there was a uniform reduction in modulus about all the stem (Uniform). Reductions in the
bone modulus around the proximal (Proximal) or distal (Distal) thirds of the stem produced
only local changes in the resultant frontal moments on the bone compared to when there
was no reduction in bone modulus (No Change) Due to the load sharing in the bone-
prosthesis system, a decrease in the resultant moments on the bone cause an increase in the
moments on the prosthesis, leading to an increase in the risk of stem fatigue fracture.
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Figure 3.3: Maximum principal stresses in the prosthesis with a uniform 25% reductionin modulus throughout the model. For all finite element analyses, the maximum principal
stresses were located at the lateral aspect at the mid-stem level.
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Figure 3.4: Resultant frontal moment on the bone for a hypothetical 0, 25, and 50%reduction in the bone modulus uniformly throughout the model. The resultant frontalmoment was very sensitive to these uniform modulus reductions. For instance, a 25%reduction in the bone modulus produced a 15% decrease in the frontal moment at the mid-stem region (83 mm).
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Figure 3.5: Resultant torsional moment on the bone for a hypothetical 0, 25, and 50%reduction in the bone modulus uniformly throughout the model. The resultant torsionalmoment was very sensitive to modulus reductions. For instance, a 25% reduction in thebone modulus produced a 15% decrease in the torsional moment at the mid-stem region (83mm).
0%
- 0% - - - 25% -- 50%
1500
1000
0
500
0
-500
-1000
-1 500
-2000
200 160 120 80 40
Distance Below Calcar (mm)
Figure 3.6: Resultant axial force on the bone for a hypothetical 0, 25, and 50% reductionin the bone modulus uniformly throughout the model. The resultant axial force was verysensitive to modulus reductions. For instance, a 25% reduction in the bone modulusproduced an 18% decrease in the frontal moment at the mid-stem region (83 mm).
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Figure 3.7: Resultant mediolateral force on the bone for a hypothetical 0, 25, and 50%
reduction in the bone modulus uniformly throughout the model. The resultant mediolateralforce was relatively insensitive to modulus reductions, showing no change in themediolateral force at the mid-stem level.
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Figure 3.8: Resultant anteroposterior force on the bone for a hypothetical 0, 25, and50% reduction in the bone modulus uniformly throughout the model. The resultantanteroposterior force was relatively insensitive to modulus reductions. For instance, a 25%reduction in the bone modulus produced only a 8% difference in the anteroposterior force atthe mid-stem region (83 mm).
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Figure 3.9: Resultant sagittal moment on the bone for a hypothetical 0, 25, and 50%reduction in the bone modulus uniformly throughout the model. The resultant sagittalmoment was relatively insensitive to modulus reductions. Although a 25% reduction in thebone modulus produced a 25% decrease in the sagittal moment at the mid-stem region (83mm), the absolute magnitude of the sagittal moments on the bone are only one-quarter andone-tenth of the torsional and frontal moments at that location, respectively.
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For the clinically-observed case of non-uniform bone loss, long-term fatigue
fracture of the prosthesis was predicted regardless of whether a linear, quadratic, or cubic
dependence of modulus on bone mineral content was assumed. Consistent with the
findings from the hypothetical situations of regional reductions in bone modulus, the risk
of fatigue fracture was dependent primarily on the reduction in bone modulus around the
central region of the prosthesis (Table 3.1). For instance, the resultant frontal bending
moments at the mid-stem region were similar for these three cases: 1) a uniform reduction
in bone modulus throughout the model by 50%; 2) a reduction in the bone modulus around
only the central region of the stem by 50%, and 3) a clinical pattern of bone loss with a
reduction in the bone modulus by 75%, 50%, and 0% in the proximal, central, and distal
regions, respectively (Figure 3.10). Taken together, the results from all the finite element
analyses indicate that severe proximal bone loss does not affect the risk of stem fatigue
fracture: it is the bone loss around the central region of the device that controls the
maximum stresses in the stem and therefore the fracture risk.
The risk of fatigue fracture were not sensitive the interface conditions modeled for
regional, uniform, and clinical patterns of bone loss (Appendix A). The maximum
principal stresses in the prosthesis differed by less than 4% between non-linear analyses
which modeled a no-tension, Coulomb friction (gp=1.73) interface with no bone ingrowth
and linear analyses which modeled ideal bone ingrowth. Furthermore, the prosthesis
stresses differed by only 3% when the value for the coefficient of friction was varied from
a lower bound of 0 to an upper bound of 1.73 for the original finite element model. The
agreement of the linear and non-linear analyses demonstrate general applicability of the
finite element results so that these trends did not depend on the assumed interface
conditions.
Table 3.1: Summary of finite element results for clinical patterns of bone loss measured
by dual energy x-ray absorptiometry. The maximum principal stresses in the stem for
clinical patterns of bone loss were dependent on the reduction in bone modulus around the
central region only.
Clinical Pattern of Bone Loss Hypothetical Bone Loss in
Central Region Only
Regional Reduction in Max. Prin. Regional Max. Prin.
Bone Modulus Stem Reduction in Stem
(%) Stress Bone Modulus Stress
(MPa) (MPa)
Linear*
Proximal 50 Proximal 0
Central 25 290 Central 25 290
Distal 0 Distal 0
Quadratic*
Proximal 75 Proximal 0
Central 50 336 Central 50 334
Distal 0 Distal 0
Cubic*
Proximal 87.5 Proximal 0
Central 75 395 Central 75 395
Distal 0 Distal 0
* Linear, quadratic, and cubic refer to the assumed relationship between bone mineral
content measured by dual-energy x-ray absorptiometry (Engh et al., 1992a) and the
reduction in bone modulus imposed on the finite element model. The relationships used for
the linear, quadratic, and cubic dependence were: E = a (BMC), E = b (BMC) 2, and E = c
(BMC) 3, respectively, where E is the modulus (GPa), BMC is the bone mineral content
(g).
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Figure 3.10: Resultant frontal moment on the bone
modulus around only the central third of the prosthesis
pattern of bone loss with a 75, 50, and 0% reduction in
central, and distal regions (Clinical), respectively.
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3.2 Composite Beam Theory
For all cases of uniform reductions in bone moduli, composite beam theory
predictions of the maximum stresses in the prosthesis agreed with the finite element results
to within 8% (Appendix B). This agreement justified the use of composite beam theory to
calculate the fracture index and risk of stem fatigue fracture when there is bone loss around
the central portion of the stem, using equations 2.2 and 2.3.
Due to the higher modulus of cobalt-chrome, a cobalt-chrome stem carries a greater
portion of the load in comparison to a titanium stem of the same size. Consequently, the
fracture index was higher for cobalt-chrome stems than for titanium stems. In addition, the
fracture index for small cobalt-chrome and titanium stems was more sensitive to decreases
in bone modulus than for large stems (Figures 3.11, 3.12). For a 30% decrease in the
modulus of bone around the central third of the prosthesis, the fracture index increased 26
to 37% for (small) 10.5 mm cobalt-chrome and titanium stems implanted in bones with
periosteal diameters ranging from 24 to 30 mm. By contrast, the fracture index increased
only 10 to 26% for 15.0 mm cobalt-chrome and titanium stems. Thus, for a fixed periosteal
stem diameter and bending moment, stresses in small cobalt-chrome and titanium stems are
most sensitive to bone loss.
Based on a bending moment of 150 N-m, reductions in bone modulus of 15 to 45%
were sufficient to create a risk of fatigue fracture for several combinations of stem and bone
diameters. For instance, the risk of fracture was greater than one for a 10.5 mm cobalt-
chrome stem in bones with a 24 mm diameter (even in the absence of bone loss), bones
with a 27 mm diameter with greater than 15% bone loss, and bones with a 30 mm diameter
with greater than 45% bone loss (Figure 3.13). For a larger 15.0 mm cobalt-chrome stem,
the risk of fracture was greater than one when in bones with a 24 mm diameter (even in the
absence of bone loss) and 27 mm diameter bone with 45% bone loss (Figure 3.14). For a
small 10.5 mm titanium stem in a 24 mm bone, bone loss of greater than 15% created a risk
of fatigue fracture (Figure 3.15). Therefore although only small diameter cobalt-chrome
prostheses were predicted to be at risk for fatigue fracture based on analyses using values
of bone modulus which neglect implant-induced bone loss, titanium and larger cobalt-
chrome prostheses are also at risk for long-term fracture when there is a reduction in bone
modulus around the central third of the prosthesis. Furthermore to prevent increasing
incidence of fatigue fracture in the future, patients who currently have sintered stems and
demonstrate magnitude of bone loss which place them at risk for fatigue fracture should be
monitored closely and cautioned to limit their activities.
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Figure 3.11: Composite beam theory predictions of the fracture index for sintered
cobalt-chrome stems with bone loss for two stem diameters (Dstem = 10.5 and 15.0 mm).
A bone modulus of 17 GPa (E=17 GPa) represents healthy cortical bone, while values of
14.5 (E= 14.5 GPa) and 12 GPa (E=12 GPa) represent a 15 and 30% decrease in the
modulus caused by implant-induced bone loss. A large separation of two curves and a
slope of any curve indicate a large sensitivity of the fracture index to the selected parameter.
Thus, the fracture index for small cobalt-chrome stems was more sensitive to decreases in
bone modulus and periosteal bone diameter than larger stems.
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Figure 3.12: Composite beam theory predictions of the fracture index for sintered
titanium stems with bone loss for two stem diameters (Dstem = 10.5 and 15.0 mm). A
bone modulus of 17 GPa (E= 17 GPa) represents healthy cortical bone, while values of
14.5 (E=14.5 GPa) and 12 GPa (E=12 GPa) represent a 15 and 30% decrease in the
modulus caused by implant-induced bone loss. A large separation of two curves and slope
of any curve indicate a large sensitivity of the fracture index to the selected parameter. By
comparison with Figure 3.11, it is seen that the fracture index for titanium stems are less
sensitive to decreases in bone modulus and periosteal bone diameter than similarly sized
cobalt-chrome stems. Overall, the magnitude of the fracture index was lower for titanium
stems than for cobalt-chrome stems due to the lower modulus for titanium.
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Figure 3.13: Composite beam theory predictions for the risk of fatigue fracture for a
10.5 mm cobalt-chrome stem. The risk of fracture was greater than one for a 10.5 mm
stem in bones with the following characteristics: 1) bones with a periosteal diameter of 24
mm even in the absence of bone loss; 2) bones with a diameter of 27 mm with greater than
a 15% reduction in bone modulus (Ebone < 14.5 GPa); and 3) bones with a diameter of 30
mm with greater than a 45% reduction in bone modulus (Ebone < 9.5 GPa). A diaphyseal
bending moment of 150 N-m and a fatigue strength of 300 MPa for the sintered substrate
were assumed.
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Figure 3.14: Composite beam theory predictions for the risk of fatigue fracture for a
15.0 mm cobalt-chrome stem. The risk of fracture was greater than one for a 15.0 mm
stem in bones with the following characteristics: 1) bones with a periosteal diameter of 24
mm even in the absence of bone loss; and 2) bones with a diameter of 27 mm with greater
than a 45% reduction in bone modulus (Ebone 9.5 GPa). A diaphyseal bending moment
of 150 N-m and a fatigue strength of 300 MPa for the sintered substrate were assumed.
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Figure 3.15: Composite beam theory predictions for the risk of fatigue fracture for a
10.5 mm titanium stem. The risk of fracture was greater than one for a 10.5 mm titanium
stem only in bones with a periosteal diameter of 24 mm with greater than a 15% reduction
in bone modulus (Ebone < 14.5 GPa). A diaphyseal bending moment of 150 N-m and a
fatigue strength of 300 MPa for the sintered substrate were assumed.
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In the selection of cementless prostheses for future patients, it is important to
consider long-term bone loss when calculating the risk of stem fatigue fracture. Composite
beam theory indicated that the periosteal bone diameter required to avoid stem fracture was
1.5 to 2.5 mm larger when a 30% reduction in bone modulus in the long-term is
considered. For instance, fatigue fracture was predicted for cobalt-chrome stems with a
diameter of 10.5 mm for periosteal diameters less than 25 and 29 mm, for assumed
bending moments of 100 and 150 N-m, respectively, an increase in the required bone
diameter by 2.0 and 2.4 mm (Figure 3.16). Similarly, the required bone diameters for a
10.5 mm titanium stem increased by 1.7 and 2.0 mm (Figure 3.17). These increases in the
required periosteal diameter caused by a 30% reduction in bone modulus are comparable to
the 2 to 3 mm increase in the required periosteal diameter that is caused by an increase in
the bending moment from 100 to 150 N-m. Thus, accounting for bone loss is as important
as evaluating the applied bending moments (through patient body weight and activity level)
in selecting cementless stems for future patients.
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Figure 3.16: Composite beam theory predictions of required periosteal diameters to
produce a risk of stem fatigue fracture of one for cobalt-chrome stems with a 30%
reduction in bone modulus (Ebone = 12 GPa). Combinations of stem and bone diameters
below the curves are at risk of fracture. For example, a 13 mm cobalt-chrome stem should
not be implanted in a bone with a periosteal bone diameter less than 23 and 29 mm for
applied bending moments of 100 and 150 N-m, respectively. A 30% decrease in bone
modulus increased the required periosteal diameter by about 1.5 to 2.5 mm for diaphyseal
bending moments of either 100 or 150 N-m. A fatigue strength of 300 MPa for the
sintered substrate was assumed.
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Figure 3.17: Composite beam theory predictions of required periosteal diameters to
produce a risk of stem fatigue fracture of one for cobalt-chrome stems with a 30%
reduction in bone modulus (Ebone = 12 GPa). Combinations of stem and bone diameters
below the curves are at risk of fracture. For example, a 13 mm titanium stem should not be
implanted in a bone with a periosteal bone diameter less than 21 and 25 mm for applied
bending moments of 100 and 150 N-m, respectively. A 30% decrease in bone modulus
increased the required periosteal diameter by about 1.5 to 2.5 mm for diaphyseal bending
moments of either 100 or 150 N-m. A fatigue strength of 300 MPa for the sintered
substrate was assumed.
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Chapter 4
Discussion
Changes in bone morphology, manifested by proximal bone resorption,
hypertrophy at the distal stem tip, cortical thinning, and increases in porosity have been
observed following cementless hip arthroplasty (Engh et al., 1990; Heekin et al., 1993;
Martell et al., 1993; Engh et al., 1994). This periprosthetic bone loss has been measured
by dual-energy x-ray absorptiometry as early as 3, 6, and 12 months after cementless hip
arthroplasty with average decreases in bone mineral content of the proximal femur of
approximately 15%, 25%, and 30%, respectively, in twelve patients with a titanium
prostheses (Kiratli et al., 1992). A recent study using dual-energy x-ray absorptiometry
study demonstrated local decreases in bone mineral content of up to 78% in one patient
with a cobalt-chrome device after six years (Engh et al., 1992a). Furthermore, recent
clinical studies using dual energy x-ray absorptiometry indicated that bone loss continued
as long as seven years postoperatively (Kiratli et al., 1991; Steinberg et al., 1991)
Prompted by a concern that the severe and progressive bone loss observed to date
around cementless hip prostheses might introduce a substantial risk of stem fatigue
fracture, the effects of hypothetical and clinically observed patterns of bone loss on the risk
of stem fracture were investigated. The finite element analyses of a well-fit 15 mm
diameter AML prosthesis in an average sized bone indicated that bone loss around the
central third of the prosthesis controlled the risk of fracture and that typical clinical patterns
of bone loss increased the stem stresses beyond the fatigue strength regardless of the
assumed dependence of modulus on bone mineral content. The composite beam theory
analyses predicted that the risk of fracture for small stem sizes was more sensitive to
decreases in bone modulus and bone size than large stem sizes. Although only small
diameter cobalt-chrome prostheses were predicted to be at risk for fatigue fracture based on
analyses using values of bone modulus which neglect implant-induced bone loss, titanium
and larger cobalt-chrome prostheses are also at risk for fracture when there is a reduction in
bone modulus around the central third of the prosthesis in the long-term. Taken together, it
is important to consider the effects of long-term bone loss in addition to stem diameter,
patient body weight, and patient activity levels when evaluating the risk of fracture for
sintered prosthesis stems.
The finite element study on the effects of hypothetical and clinical patterns of bone
loss on the risk of fatigue fracture for a sintered cementless prosthesis accounted for many
important details by modeling fully three-dimensional geometries and loads representing
healthy gait; heterogeneous bone moduli with an average value for cortical bone in the mid-
diaphysis of 17.1 GPa; realistic representation of gaps between the bone and prosthesis
with low modulus (0.1 MPa) elements; and clinical patterns of bone loss measured by dual-
energy x-ray absorptiometry. Two separate parameter studies demonstrated that the stem
stresses were most sensitive to bone loss below the lesser trochanter. First, when the
modulus was varied independently in the proximal, central, and distal region, the stem
stresses were sensitive to changes in the bone modulus in the central region only. Second,
for clinical patterns of non-uniform bone loss, the stem stresses were again dependent only
on the modulus in the central region. Furthermore, the finite element analyses using both
linear and non-linear interface conditions (Appendix A) demonstrate that the trends did not
depend on the assumed interface conditions, so that information about the amount and
location of bone ingrowth in a particular patient is not necessary.
The agreement of our finite element results with composite beam theory indicates
that our conclusions may be extended to other straight, canal filling and well-fit prostheses
which resemble the design of the AML. However, further finite element analyses would be
necessary to determine if our conclusions apply to prostheses which differ in design. As
the geometry of the stem deviates from shape of a long cylinder, the accuracy of composite
beam theory predictions decreases. Consequently, the sharing of the bending moment
between the bone and prosthesis may not apply to designs such as tapered or short stems
so that bone loss may not increase the risk of fatigue fracture for these designs. In
addition, prosthesis designs which attempt to maximize stresses in the proximal bone by
methods such as tapering may produce a pattern and magnitude of implant-induced bone
loss which is different from that investigated in this study.
Although the trends predicted by our analyses appear to be valid for AML-type
implants, the absolute value of the risk of fatigue fracture with bone loss was sensitive to
three parameters in the finite element and composite beam analyses. These parameters,
which are patient and prosthesis-specific, include the magnitude of the assumed diaphyseal
bending moments, the magnitude of the assumed long-term bone loss, and the assumed
fatigue strength of the substrate. For the composite beam analyses, values for these
parameters which produced a lower estimate for the risk of fatigue fracture were used, i.e.
conservative estimates were used. Even with this lower estimate of long-term risk, fatigue
fracture was predicted for many combinations of bone diameters, stem diameters, and stem
materials. Thus, implant-induced bone loss may increase the future incidence of fatigue
fracture in both small (10.5 mm) and larger (greater than 13 mm) stems.
A lower estimate for the applied diaphyseal bending moments was used, suggesting
that the calculation of risk of fracture predicted by composite beam analysis was
conservative. Recent in vivo telemetric data have reported that joint contact forces of 4.5
times body weight are common during gait in total hip recipients and may be occasionally
as high as 7 times body weight (Bergman et al., 1993). Based on the geometry of the
femoral bone used our finite element model, a joint reaction force of 4.5 times body weight
of 750 N and a lumped abductor force of 3.5 N produced a mid-diaphyseal bending
moment of approximately 150 N-m. Although only a lumped abductor muscle group
acting on the greater trochanter was included in our finite element model, other studies
which have included abductor, adductor, quadriceps, and external rotator muscles have
demonstrated similar magnitudes for the mid-diaphyseal bending moment ranging from 70
to 150 N-m during gait and ranging from 40 to 250 N-m during extreme ranges of motion
(flexion, extension, adduction, external rotation) of the hip (Cheal et al., 1992). Thus, the
magnitude of diaphyseal bending moment used in the composite beam theory analyses was
moderate for healthy gait and did not model the most strenuous possible loading of the
device.
A lower estimate for long-term reduction in bone modulus was also used,
suggesting that the predicted risk of fatigue fracture was conservative. In the absence of
experimental measurements of the modulus of cortical bone after implant-induced bone
loss, a 30% modulus reduction from 17 GPa to 12 GPa was used to represent long-term
bone loss in our composite beam theory analyses. This 30% modulus reduction is based
on average changes in bone mineral content reported around the central third of cobalt-
chrome stems (12-15 mm diameter) after an average of 65 months (Engh et al., 1992a) and
a linear relationship between modulus and bone mineral content. Potentially, the long term
bone modulus around the central third of the prosthesis may be lower than 12 GPa for
some patients for several reasons. First, patients with pre-existing osteopenia have a lower
modulus of cortical bone and may also experience larger amounts of bone loss following
total hip arthroplasty (Engh et al., 1992a). For instance, Engh et al. found that one patient
with a low pre-operative bone mineral content experienced a 67% decrease in the bone
mineral content around the central third of a 15 mm cobalt-chrome cementless stem after 6
years of implantation. This implant-induced bone loss is much greater than age related
bone loss which produced only 1% decrease per year in the bone mineral density of the
proximal femur in post-menopausal women (Greenspan et al., 1994). Second, since bone
loss may be progressive, the reduction in bone modulus in the long-term (10-15 years) may
be greater than 30% which was reported by Engh et al. after an average of 65 months.
Third, clinical and experimental canine studies have demonstrated that the magnitude of
implant-induced bone loss is dependent on the stiffness of the stem (Bobyn et al., 1990;
Bobyn et al., 1992). Thus, especially for larger stems (greater than 13 mm) made from
cobalt-chrome, the 30% reduction in the long-term bone modulus may be a conservative
estimate.
An upper bound for the fatigue strength of the sintered substrate was used,
suggesting that the predicted risk of fatigue fracture was conservative. A fatigue strength
of the substrate of 300 MPa was assumed, which was based on laboratory tests where
specimens were subjected to fully reversed tension-compression loading protocols. While
less aggressive, primarily unidirectional stresses would be encountered in vivo, the use of
an upper bound on reported fatigue strengths of sintered coated components would counter
errors introduced by the use of fully reversed tension-compression fatigue strengths.
Ironically, just as the incidence of fatigue fracture of cemented stems was reduced with the
introduction of high strength forged alloys over a decade ago, the problem of fatigue
fracture of sintered cementless stems may again be a cause of failure of total hip
arthroplasty. The finite element and composite beam theory results indicate the need for
improvements in the fatigue properties of the sintered substrate possibly by the use of
alternate processing techniques which do not require exposure of the substrate to high
temperatures and the reduction of stress concentration effects of porous surface coatings.
Despite the uncertainties in the diaphyseal bending moments, magnitude of the
long-term bone loss, and the fatigue strength of sintered alloys, the absolute magnitudes of
the risk of fatigue fracture reported here are reasonable. Using a similar analysis, the risk
of fatigue fracture was less than 0.9 for a small 8.5 mm high strength cobalt-chrome
cemented stem in a bone larger than 24 mm when the applied bending moment was
assumed to be 150 N-m (Appendix B). The risk of fatigue fracture was relatively
insensitive to 1 mm changes in the endosteal diameter, cement thickness, or stem diameter.
Since fatigue fracture of a few small cemented stems have occurred, the risk of fracture
would be expected to be near, but less than one, which is consistent with the composite
beam analyses.
Although the clinical significance of implant-induced bone loss with cementless
arthroplasty may be great, the long term effects of this bone loss are not well known and
have not been investigated. Finite element studies which employ mathematical bone
remodeling algorithms have been used to predict the patterns of bone remodeling around
cementless prostheses, to quantify stress shielding, and may be used in the future to
evaluate the bone remodeling patterns for new implant designs (Orr et al., 1990; Wienans et
al., 1992). For instance, bone remodeling algorithms have predicted less severe bone loss
around "isoelastic" (low modulus) hip stems than a cobalt-chrome stems and have also
predicted a decrease in the magnitude of the interface stresses at the calcar for both
prostheses after remodeling (Wienans et al., 1992). However, the mechanical
consequences of bone loss on the stresses in the prosthesis, stem fracture risk, or load
transfer between the bone and prosthesis has received little attention. The results of the
current study indicate that there can be catastrophic consequences of long-term bone loss
that have not yet been addressed.
The major clinical significance of this study is that the effects of periprosthetic bone
loss on the long-term risk of stem fatigue fracture should be considered in both pre-
operative prosthesis selection and post-operative patient monitoring for bone loss. This
study has outlined methods by which a surgeon can use dimensions from radiographs and
patient information to estimate a risk of fracture which accounts for the bone loss that is to
be expected in the long term.
In summary, the finite element and composite beam results have the following
clinical implications for sintered AML-type hip stems:
1) It is most important to monitor the bone loss around the central third of the prosthesis
stem. Proximal bone loss does not affect the risk of fatigue fracture;
2) Patients who currently have a sintered cementless stem and have a high risk of fatigue
fracture should be cautioned to limit their activities; and
3) High strength unsintered alloys should be used for patients who have a high fracture
risk (i.e. greater than one) when implant-induced bone loss is considered.
Appendix A
Effect of Interface Conditions on the Risk of
Fatigue Fracture
To account for the possible effects of changes in interface conditions on the risk of
fatigue fracture of the stem when there is bone loss, several non-linear finite element
analyses (Tables Al, A2) were performed to simulate upper and lower bounds on bonding
between the bone and fully porous coated prosthesis stem. Complete bone ingrowth over
the porous coated surface was simulated using linear interface conditions which assume
perfect bonding (displacement compatibility) between the bone and prosthesis. Bone
apposition without ingrowth was modeled using a nonlinear interface which did not allow
tension to develop across the interface but did allow Coulomb friction over the prosthesis
surface (Keaveny and Bartel, 1993b). The coefficient of friction was varied from 0 for a
lower bound frictionless interface, to 0.42 for a smooth prosthesis (Rancourt et al., 1990),
and to an upper bound of 1.73 (Keaveny and Bartel, 1993b).
Our results for risk of fatigue fracture were not sensitive the interface conditions
modeled for regional, uniform, and clinical patterns of bone loss. The maximum principal
stresses in the prosthesis differed by less than 4% between non-linear analyses which
modeled a no-tension, Coulomb friction (gi=1.73) interface with no bone ingrowth and
linear analyses which modeled ideal bone ingrowth. Furthermore, the prosthesis stresses
differed by only 3% when the value for the coefficient of friction was varied from a lower
bound of 0 to an upper bound of 1.73 for the original finite element model. These results
are consistent with previous finite element analyses of this model (Keaveny and Bartel,
1995) which demonstrated that the maximum principal stresses in the stem are almost
insensitive to the development of bone ingrowth: the stresses were approximately equal for
no-ingrowth; typical sparse ingrowth (with a combination of fibrous tissue, bone ingrowth,
and bone apposition); and ideal-ingrowth. Thus, for a well-fit AML-type prosthesis, the
use of ideal bonds between the bone and prosthesis does not affect the trends predicted for
the maximum stresses in the prosthesis with bone loss.
Table Al: Comparison of the maximum prinicipal stem stresses for regional, uniform,
and clinical patterns of bone loss using linear and non-linear interface conditions in the
finite element analyses. The maximum principal stresses in the prosthesis differed by less
than 4% between non-linear analyses which modeled a no-tension, Coulomb friction
(g= 1.73) interface with no bone ingrowth and linear analyses which modeled ideal bone
ingrowth. For a well-fit AML-type prosthesis, the use of ideal bonds between the bone
and prosthesis does not affect the trends predicted for the maximum stresses in the
prosthesis with bone loss.
Maximum Principal Stresses
in the Stem
(MPa)
Type of Bone Loss Linear Interface Non-linear
Interface
No bone loss 255 255
Uniform, 10% 268 266
Uniform, 30% 298 292
Central Region Only, 50% 334 324
Clinical Pattern of Bone Loss* 290 285
* Clinical pattern of bone loss refers to non-uniform modulus reductions based on changes
in bone mineral content measured by dual energy x-ray absorptiometry (Engh et al.,
1992a). In particular, this finite element analysis used a linear relationship between bone
mineral content and modulus (Table 2.3).
Table A2: Comparison of the maximum prinicipal stem stresses for variations in the
coefficient of friction using linear and non-linear interface conditions in the finite element
analyses. These results demonstrate that the stem stresses were not sensitive to the
coefficient of friction between the bone and prosthesis. The bone moduli remain
unchanged.
Coefficient of Friction Maximum Principal Stresses in
the Stem (MPa)
0.00 249
0.42 253
1.73 255
Appendix B
Composite Beam Theory Analyses on the Risk of
Fatigue Fracture
Modeling the bone diaphysis and prosthesis as concentric, circular cylinders,
composite beam theory was used to express the bending stresses a in the stem of the
prosthesis as follows:
SM Ep0.5 D
o = (B1)EpIp+EbIb
where M (N-m) is the diaphyseal bending moment, E (GPa) is the Young's modulus, D
(mm) is the stem diameter, I (mm 4) is the areal moment of inertia. The subscripts refer to
the prosthesis (p) and bone (b). The accuracy of composite beam theory was evaluated by
comparing our finite element results for uniform bone loss to those obtained from
composite beam theory. For composite beam theory analyses, the following values were
used: a diaphyseal bending moment of 150 N-m at the mid-stem level based on a joint
reaction force (4.5 times body weight of 750 N) and an abductor force (3.5 times body
weight); a modulus of 200 GPa for a cobalt-chrome stem; a constant bone modulus of 17
GPa based on the average QCT-assigned moduli; a stem diameter of 15 mm; and a bending
stiffness of the bone EbIb of 0.41 x 109 N-mm 2 which was calculated directly from the
geometric and material properties of the finite element model at the mid-stem level.
The composite beam theory stresses were within 8% of finite element values for
three cases of uniform bone loss studied (Table B 1), indicating that composite beam theory
could be used to approximate well the stresses in the stem computed by the more accurate
finite element analyses.
To generalize the findings from our finite element analyses, composite beam theory
was used to calculate the risk of fatigue fracture of the prosthesis with long-term bone loss
for a range of prosthesis diameters (10.5 to 15.0 mm), bone diameters (20-32 mm), and
two prosthesis materials, cobalt-chrome (E-200 GPa) and titanium (E=110 GPa). The risk
of fatigue fracture j was defined by the ratio:
ý = -9- (B2)
of
where of is the fatigue strength of the substrate material prosthesis after porous coating or
other processing. Fatigue fracture of the prosthesis is therefore predicted for ý>1. The
stress in the prosthesis was expressed as a function of the stem diameter D, the relative
bone diameter (y = Db/Dp), and the ratio of the bone modulus to the prosthesis modulus (j
= Eb/Ep):
= 32M 1 (B3)
af n D3 1+p(y4 - 1)(
To separate the dependence of fracture risk on diaphyseal bending moments and substrate
fatigue strength, the fracture index (yV in mm-3) was calculated using the following
equation:
V of- 32 1  (B4)
M n D3 1+p( 4 - 1))
where D is the stem diameter (mm), 1 is the ratio of the modulus of the bone to the
modulus of the prosthesis (Eb /Ep), y is the ratio of the stem diameter to the periosteal bone
diameter (D/Db) at the level of the mid-stem region. The fracture index was calculated for a
0, 15, and 30% decrease in bone modulus from a value of 17 GPa to 14.5 and 12 GPa,
respectively. Thus the effect of bone loss on the fracture index will identify combinations
of these parameters which are most sensitive to bone loss.
The risk of fatigue fracture was calculated for three stems (10.5 mm cobalt-chrome
stem, a 15.0 mm cobalt-chrome stem, and a 10.5 mm titanium stem) for a reduction in
bone modulus around the prosthesis stem by 15, 30, and 45% in three bone sizes (24, 27,
and 30 mm periosteal diameter 7). These three stem sizes and materials were chosen
because previous composite beam analyses (Keaveny and Bartel, 1995) have predicted the
greatest risk of fracture for small cobalt chrome stems. With bone loss, larger cobalt
chrome and small titanium stems may also be at risk of fatigue fracture. For these
composite beam analyses, an applied bending moment of 150 N-m and a fatigue strength of
300 MPa were assumed.
To assess the validity of the absolute magnitude of the risk of fatigue fracture
predicted by composite beam theory, the risk of fracture for a cemented prosthesis was
7The average periosteal diameter at the isthmus for 200 femora with an average age of 70 years was 27.0
mm (* 3.1 mm) (Noble et al., 1988), so that a periosteal diameter of 24, 27, and 30 mm represents a
small, average, and large bone, respectively.
evaluated. Since these cemented stems made from high strength alloys have a low
incidence of fatigue fracture (but fractures have occurred), the risk of fracture would be
expected to be near, but less than one. Since small stems in small bones with high bending
moments have the greatest risk of fatigue fracture (Keaveny and Bartel, 1995), composite
beam theory was used to predict the risk of fatigue fracture for a 8.5 mm forged cobalt
chrome stem implanted in a bone with a periosteal diameter ranging from 24 to 27 mm and
an endosteal diameter of 10.5 mm. Values of 600 MPa for the fatigue strength of forged
cobalt-chrome (Lorenz et al., 1980; Gibbons, 1982; Pilliar, 1984), 200 GPa for the
modulus of cobalt-chrome, 2.5 GPa for the modulus of the 2 mm cement mantle, and 12
GPa (30% modulus reduction) for modulus of bone after implant-induced bone loss were
assumed. The risk of fatigue fracture was less than 0.9 for this cemented stem in a bone
larger than 24 mm when the applied bending moment was assumed to be 150 N-m (Table
B2). This value was relatively insensitive to 1 mm changes in the endosteal diameter,
cement thickness, and stem diameter. Thus, a fracture risk near, but below a value of one,
for the small cemented stem is consistent with clinical performance, indicating that the
composite beam theory assumptions are reasonable.
Table BI: Comparison of finite element and composite beam stresses in the prosthesis.
The composite beam theory stresses were within 8% of finite element values for three cases
of uniform bone loss studied (Table B 1), indicating that composite beam theory could be
used to approximate well the stresses in the stem computed by the more accurate finite
element analyses.
Maximum Principle Stresses
in the Prosthesis Stem
(MPa)
Type of Bone Loss FEM Composite Difference (%)
(Linear) Beam Theory
No bone loss 255 260 2
Uniform, 25% 290 290 0
Uniform, 50% 335 328 2
Table B2: Composite beam theory calculations of the risk of fatigue fracture for a small
high strength alloy cemented stems in a range of bone diameters. The risk of fatigue
fracture for a small (8.5 mm) cemented stem was less than 0.9 when implanted in bones
with a periosteal diameter larger than 24 mm. An endosteal diameter of 10.5 mm, an
applied bending moment of 150 N-m, a fatigue strength of 600 MPa, a prosthesis modulus
of 200 GPa and a cement modulus of 2.5 GPa, and a 2 mm cement mantle thickness were
assumed.
Risk of Fatigue Fracture
Periosteal Bone Increase in
Diameter E bone = 17 GPa E bone = 12 GPa Fracture Risk
(mm) (%)
24 0.67 0.89 33
25 0.58 0.78 34
26 0.50 0.68 36
27 0.44 0.60 36
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